Extracorporeal shock wave lithotripsy (ESWL) has been the first option in the treatment of calculi in the upper urinary tract since its introduction. ESWLinduced renal injury is also found after treatment and is assumed to associate with intraluminal bubble dynamics. To further understand the interaction of bubble expansion and collapse with the vessel wall, the finite element method (FEM) was used to simulate intraluminal bubble dynamics and calculate the distribution of stress in the vessel wall and surrounding soft tissue during cavitation. The effects of peak pressure, vessel size, and stiffness of soft tissue were investigated. Significant dilation on the vessel wall occurs after contacting with rapid and large bubble expansion, and then vessel deformation propagates in the axial direction. During bubble collapse, large shear stress is found to be applied to the vessel wall at a clinical lithotripter setting (i.e. 40 MPa peak pressure), which may be the mechanism of ESWLinduced vessel rupture. The decrease of vessel size and viscosity of soft tissue would enhance vessel deformation and, consequently, increase the generated shear stress and normal stresses. Meanwhile, a significantly asymmetric bubble boundary is also found due to faster axial bubble expansion and shrinkage than in radial direction, and deformation of the vessel wall may result in the formation of microjets in the axial direction. Therefore, this numerical work would illustrate the mechanism of ESWL induced tissue injury in order to develop appropriate counteractive strategies for reduced adverse effects.
Introduction
The first human trial of extracorporeal shock wave lithotripsy (ESWL) in Munich in February 1980 rapidly brought revo lution to the management of upper urinary tract calculi, and ESWL has been applied in clinics worldwide since the intro duction of the Dornier HM3 lithotripter to the United States and approval by the Food and Drug Administration (FDA) in the late 1980s because of its noninvasive operation and sig nificant low morbidity and mortality compared to open sur gery [1] . Inspired by this success, a number of manufacturers involved in the development of this technology proposed dif ferent designs such as electromagnetic and piezoelectric shock wave generation [2] . The latest and third generation lithotripter has significant improvement in multiple functionalities, image quality, and requirement of anesthesia. However, practicing urologists still consider the first model, Dornier HM3, as the gold standard because of its better performance [3, 4] .
Although ESWL could break kidney calculi into small fragments allowing free passage of urine after treatment, it also has some side effects. Damage of renal parenchyma primarily at vessels (i.e. venules in the medulla and cortical arterioles) and tubular cells was found in both animal experi ments and kidney perfusion models [5] [6] [7] [8] . This renal injury is extensive and occurs during ESWL exposure in virtually all patients. Intraparenchymal haemorrhage and injury to tubules are in both the cortex and medulla of SWLtreated kidneys [8] . Tubular injury is always associated with intraparenchymal bleeding, and the range of tissue injury includes total destruc tion of tubules, focal cellular fragmentation, necrosis, cell vac uolization, and membrane blebbing, reflecting both a direct effect of LSW and a secondary effect of hypoxia resulting from haemorrhage and obstruction of blood vessels. Although haemorrhage, haematoma, and edema in the kidney are acute and most patients recover quite well within 1-2 weeks after ESWL, this trauma may lead to chronic complications such as increased risk of hypertension and a possible occurrence of newonset diabetes [9, 10] . Some patients, such as those with solitary kidneys or preexisting hypertension, and elderly patients, are at a much higher risk for this chronic injury [11] . Chronic adverse effects include an accelerated rise in arterial blood pressure, a decrease in renal function, and an increased rate of stone recurrence [12] . Although the underlying mech anisms of ESWLinduced renal injury have not been fully understood, some hypotheses were proposed. One hypothesis is that the tear and shear forces induced by lithotripsy shock wave (LSW) is mainly determined by the high amplitude and short rise time of the attenuated LSW [13] . The renal papilla structure makes it particularly prone to the focusing of LSWs scattered by acoustic inhomogeneities. In comparison, no damage is found using LSW in uniform media. If the relaxa tion time of net shear deformation in the renal tissue (even at a low amplitude of stress) is longer or comparable to the interval time of clinical LSWs (~1 s), shear could be accumu lated [14] . As a result, haemorrhage would first appear in the inner medulla after a certain number of shocks, and a broader focal zone at the same peak pressure would cause less renal damage. The other hypothesis involves cavitation activity in vessels. Rapid and large intraluminal bubble expansion causes a significant dilation of the vessel wall, leading to consistent rupture if the resultant circumferential hoop stress exceeds failure strength [15] . It is well known that the stress ampl itude and frequency of cyclic loading are the two most domi nating parameters in determining a failure event. Therefore, the vessel wall may present a fatigue fracture perpendicular to the circumferential direction. The severity of the constraint, and asymmetric elongation of the bubble along the vessel axis, is vesselsize dependent. In addition, liquid jets (directed away from the nearest vessel wall), vessel distention (motion outward against the surrounding tissue), and vessel invagina tion (motion inward toward the lumen) can contribute to the rupture of the ex vivo artery of rat mesenteries [16] . In that situation, invagination is found to exceed distention, as indi cated by bubble fragments growing outside the vessel using highspeed photography and dye extravasation.
A 2D axisymmetric finite element numerical model was used to study the interaction between the elastic microvessel wall and oscillating microbubble in an ultrasound field using the fluid-solid interaction method [17] . The von Mises stress distribution over the microvessel wall is heterogeneous. When the bubble collapses, circumferential stress decreases rapidly and transmural pressure increases dramatically. It is found that the rapid compression stress during bubble collapse plays an important role in the mechanical effect on microvessel wall endothelial lining disruption. However, the peak nega tive pressure of the ultrasound burst at the center frequency of 1 MHz is up to only 0.5 MPa. A coupled axisymmetric finite element method (FEM) and boundary element code were employed to simulate the response of an acoustically excited bubble centered within a deformable tube [18] . The tensile portion, instead of the compression portion, of the acoustic excitation plays a major role in tube dilation and thus tube rup ture. The maximum tube dilation and hoop stress occur well before the bubble reaches its maximum radius. Therefore, it is not likely that the low acoustic pressure pushes the tube wall outward. With a decrease in tube thickness, tube radius, and acoustic frequency, the maximum hoop stress increases, indi cating a higher potential for tube rupture and haemorrhage. Asymmetrical oscillation of a microbubble confined inside a deformable pseudoelastic vessel with an initial radius com parable to that of the bubble was simulated [19, 20] . Large circumferential stiffness within the vessel wall corresponds to large stress amplitude with high frequency, decrease in vessel wall thickness, and increased preexisting pressure in the liquidfilled vessel. However, investigation of intraluminal bubble dynamics and vessel wall deformation in typical clin ical lithotripter settings (i.e. a peak pressure of 40 MPa) would greatly benefit ESWL. The high peak pressure of LSW would result in much larger bubble expansion (about 2-3 orders increase from the initial bubble radius), significant interaction with the vessel wall, and more complexity in bubble collapse (i.e. asymmetric contour), which cannot be extrapolated from lowpressure simulations. Meanwhile, much more calculation complexity and burden should be technically solved.
In this study, the intraluminal bubble dynamics induced by LSW was simulated using FEM to calculate the change of bubble shape and stress distribution in the vessel wall and surrounding soft tissue. The effects of LSW peak pressure, vessel size, and soft tissue viscosity on intraluminal bubble dynamics and resulting stresses were investigated in order to further understand the interaction of bubble cavitation and vessel wall during ESWL. We found that large LSW peak pressure generated significant dilation of the vessel wall and shear stress during bubble expansion. Deformation of the vessel then propagated axially. However, another stress peak with a much larger amplitude was generated in the stage of bubble collapse. Axial bubble size shrunk faster than that in the radial direction, and vessel wall deformation resulted in a significantly asymmetric bubble boundary. The decrease in vessel size and viscosity of the surrounding media enhanced the constrained effect on intraluminal bubble expansion. These numerical results may illustrate the intraluminal bubble dynamics during ESWL, and also permit further under standing of the mechanism of ESWLassociated renal injury and the technical developments required to reduce it.
Methods
The bubble dynamics induced by LSW inside a vessel sur rounded by soft tissue was simulated by commercial FEM software (COMSOL multiphysics 4.8, Burlington, MA) on a workstation (HP Z400, Intel Core 2 Quad 2.66 GHz, 4GB RAM, Palo Alto, CA). Because of symmetry in bubble dynamics and limited computer memory, only a quarter of coordinates (both symmetric axially and with respect to a plane normal to the zaxis that contains the raxis) were used here, as shown in figure 1 . The physical parameters of all media are listed in table 1. The vessel length and surrounding tissue thickness were 1800 µm and 1750 µm, respectively. The length was sufficient to minimize the influence of the boundary, and a perfect matching layer at the edge of the simu lation domain was used to avoid the reflection of stress waves. For convenient and easy comparison, a subdomain (z ∈ [0, 1000] µm and r ∈ [0, 700] µm) was selected for plotting.
Tissue and blood were modeled as viscous, Newtonian fluids. The governing equation of the blood and tissue domains was the compressible Navier-Stokes equation
where ρ is the density, u is the velocity field, p is the pressure, µ is the dynamic viscosity, I is the unit matrix, and the sub scripts (b and t) denote blood and tissue, respectively. The vessel was hyperelastic material and nearly incom pressible. A neoHookean model was adopted as the gov erning equation of the vessel,
where ρ v is the vessel density, s is the displacement field, ε is the strain tensor of the vessel, and W is the strain energy density function given by the following equation for the 3D neoHookean material in cylindrical coordinates
where G is the shear modulus, λ i is the principle stretch in the iaxis (i = r, θ, z), and F is the deformation gradient. The stress tensor, σ, can be expressed as a function of infinitesimal strain, ε,
The maximum shear stress applied to the vessel wall is defined as
where max σ and min σ are the maximum and minimum normal stresses (principal stresses).
The LSW profile was described as [21] 
e cos 2 3
where p max is the peak LSW pressure, f = 83.3 kHz, and α = 7.612 × 10 5 s −1 . Before LSW exposure, the pressures of both blood and tissue domains are set as 1 atm, and the veloci ties and displacement of fluid and solid domains are zero. The bubble is static, and its interior pressure, p g , is described as
where p 0 is the ambient pressure, σ s is the surface tension, and r is the bubble radius (r 0 = 3 µm). Surface tension of 71.97 mN m −1 was applied to the bubble wall. The gas in the bubble is assumed to obey the ideal gas law. The shrinkage and expansion of the bubble are assumed adiabatic, and diffu sion of the gas across the bubble wall is neglected. Therefore, the pressure of the bubble, p g , can be expressed as
where V is the volume of the bubble, and γ = 1.4 is the adia batic index of the gas. The constant value is found through the initial condition. The gas pressure is applied at the bubble wall, and the solid and fluid domains are coupled by the velocity and stress continuity condition at the fluid-structure bound aries. The boundaries at the far edge of the tissue are under constant ambient pressure (1 atm). To investigate the inter action of intraluminal bubble dynamics with the vessel wall, LSW propagation and the resulting stress in blood, vessel, and soft tissue are neglected. This means that only LSW contrib utes to the initial bubble expansion. Both blood and tissue domains were meshed with trian gular elements, and the vessel was meshed with square ele ments. The mesh size in blood and vessel domains was 2 µm while tissue had a coarser mesh size of 6.5 µm. At the boundary of the bubble wall, very fine meshing (around 0.6 µm) was adopted to accurately calculate the curvature of the bubble. The selection of such mesh sizes can guarantee conv ergence in FEM calculations. Because of dramatic changes of bubble size in the simulated expansion, automatic remeshing was activated, which regenerates the mesh at the occurrence of serious distortion to maintain the quality of meshes at the bubble wall (see figure 2) . Moving mesh was adopted at the bubble wall with the velocity of the mesh, u mesh , equal to that of the blood, u b , allowing the bubble to shrink and expand,
The volume of bubble in its expansion is described as
where n wall is the normal vector of the bubble wall, R(z) is the radius of the bubble wall with respect to the origin of the r-z coordinate system, and is the unit vector in the raxis. The eccentricity, e, of the bubble in its asymmetric expansion is determined as
where R z and R r is the bubble radius in the axial and radial directions, respectively. The maximum circumferential strain imposed on the vessel wall by the intraluminal bubble expan sion is calculated as
where R max is the maximum radius of the vessel, and R 0 is the initial vessel radius.
Results
At first, the bubble expansion in the free blood in response to LSW at a peak pressure of 40 MPa was simulated in the time domain up to about 120 µs using the proposed method in FEM, and then compared with results using the Gilmore model calculated by the fifthorder Runge-Kutta-Fehlberg method with a stepsize control algorithm [22] as shown in figure 3 . Excellent agreement was found between results, except for a slight difference in the maximum bubble radius (discrepancy ~2%), which verifies the validation of our method.
Intraluminal bubble expansion and interaction with the vessel wall was simulated using our established FEM approach (see figure 4) . The initial position of the vessel wall (two ver tical lines) remained in the simulation results for easy observa tion of vessel wall dilation and shrinkage. Figure 4(a) shows the bubble dynamics in a vessel with a diameter of 200 µm induced by LSW with a peak pressure of only 5 MPa. The bubble began to expand immediately at the LSW tensile comp onent. Such rapid motion of the bubble wall pushes the blood surrounding it radially outwards and, subsequently, this fluid motion leads to vessel wall deformation and propagation of stress into the soft tissue even before the bubble contacts it (i.e.
µs).
The interaction between the bubble, fluid, vessel wall, and soft tissue limits bubble expansion in the radial direction. In contrast, bubble expansion in the axial direction has no limita tion. As a result, asymmetry in bubble shape occurs (e = 1.53 at t = 5.7 µs for the maximum radial bubble expansion). Because of the energy transferred to the vessel wall and soft tissue during vessel deformation and the constrained effect of the vessel wall on the intraluminal bubble dynamics, the dura tion of bubble expansion is much shorter than that in the free field [15] . Afterward, the bubble begins to shrink in the radial direction while still expanding in the axial direction. Bouncing back of the vessel wall and soft tissue may accelerate bubble collapse. Meanwhile, the initial deformation of the vessel wall propagates axially along the vessel wall. When the bubble in the axial direction begins to shrink at about 7.5 µs, the bubble wall about 28° away from the axis (arrow head in figure 4(a) ) is of maximum size. With the increase of LSW peak pressure to 20 MPa the bubble could contact with the vessel wall directly (i.e. at 3.4 µs) and then push the vessel wall further outwards (see figure 4(b) ). At the maximum radial bubble expansion (t = 5.0 µs) the eccentricity of the bubble increases to 1.63. During bubble shrinkage in the axial direction (t = 7.8 µs), a strong and localized stress is produced at the tip of the bubble (dashed arrow in figure 4(b) ).
When the peak LSW pressure increases to 40 MPa, rapid bubble expansion will produce significant dilation of the vessel wall and generate significant but localized stress between the dilated and undistorted vessel wall (see arrow head in figure 4(c) ). The maximum radial radius is 316 µm at t = 7.44 µs, which corresponds to the maximum circumferential strain ε r = 2.16. At the stage of collapse, the axial bubble shrinkage is more significant than that in the radial direction, which still causes vessel dilation. It is noted that another significant stress is produced at that period (see arrow head at t = 9.33 µs in figure 4(c) ). Thus, there is a sharp depression in the boundary of the bubble wall, as shown by the diamond symbol in figure 4(c) , which may be a reentrant jet [23] . When the diameter of the vessel reduces to 100 µm, the maximum radial bubble radius will decrease slightly to 244 µm (see figure 4(d) ). However, the maximum circumferential strain increases significantly to 3.88.
The effects of LSW, vessel size, and viscosity of sur rounding soft tissue on intraluminal bubble dynamics have been investigated, and the results are listed in tables 2-4 and shown in figures 5 and 6. Data listed in tables 2-4 were used to determine the power numbers in the exponential depend ence by the least squares fitting method. It is found that with the increase of LSW peak pressure from 5 MPa to 40 MPa the bubble volume increases almost in a quadratic curve, V p max
, which is similar to the theoretical prediction of a bubble in a free field where acoustic energy restored in the tensile component of LSW is the major reason for bubble expansion [21, 24] . The small discrepancy in the power number (i.e. the exponent of 2 in free water) may be due to the energy transferred to the vessel and soft tissue. In comparison, the time to reach the maximum volume (almost half of the bubble lifetime) increases slightly from 5.17 µs to 6.86 µs (by only 32%). There are double peaks in the temporal distribu tion of the maximum shear stress applied to the vessel wall with the LSW peak pressure of 40 MPa: one at the expansion (0.62 MPa at t = 3.55 µs), and the other at the collapse stage (1.08 MPa at t = 9.33 µs in figure 5(a) ). The maximum shear stress increases almost linearly with peak pressure. The max imum normal stresses, σ r and σ z , occur at bubble expansion at an LSW peak pressure less than 20 MPa, but at bubble collapse at 40 MPa (see figure 6(a) ). Although σ φ is much larger than σ r and σ z , its maximum value only occurs at bubble expansion. The power numbers between these three normal stresses and the LSW peak pressure are 1.08, 1.22, and 1.45, respectively. The maximum bubble volume and bubble lifetime increase with vessel radius from 100 µm to 500 µm because of the constrained effect. In contrast, there is an inversely propor tional relationship between shear and normal stresses with vessel size (see figures 5(b) and 6(b)). With decreasing vessel size, the double structure in the temporal distribution of shear stress becomes more significant. The maximum shear stress is 4.73 MPa during bubble collapse for the 100 µm vessel. A similar trend is found for three normal stresses. The depend ence of maximum shear stress on vessel size is more sensi tive (power number of −14.58) than those of normal stresses (−9.02, −8.86, and −7.32, respectively). Furthermore, vis cosity increase in the surrounding medium from 0.96 Pa · s to 9.85 Pa · s, which is within the range of soft tissue (i.e. 7.3 Pa · s for the healthy liver) [25] , would change the contact inter face with the bubble to a hard boundary. The hard boundary would constrain bubble expansion, shear stress, and normal stresses (σ r , σ z , σ φ ). The power numbers are −0.1, −0.06, −0.053, −0.066, −0.076, respectively. These results show that the influences of the boundary condition on stresses are quite similar, while that on bubble volume is slightly higher because restriction in both radial and axial directions should be included.
Discussion
SWLinduced renal vascular injuries are characterized by extensive damage to the endothelial cells and mechanical rupture of small blood vessels. Although cavitation has an important contribution, the underlying mechanisms are not fully understood, which is due to the technical difficulties in assessing the interaction between LSWinduced bubbles and the surrounding tissue in vivo. Therefore, both vessel phantom and ex vivo tissue studies are helpful to investigate this inter action. However, because of the limited frame rate (temporal resolution), spatial resolution, and photographic method (i.e. only bubble boundary in shadowgraph) used in highspeed imaging, some details of bubble interaction with the vessel wall are not illustrated. In addition, discrepancies with in vivo environments, such as the size, distribution, and location of bubble nuclei for cavitation, the presence of renal tissue sur rounding the vessel, and heterogeneous organization of the vessel wall and surrounding tissue, would result in an indirect extrapolation of conclusions to in vivo cases. Thus, numerical simulation is important and allows for a large variation of parameters. Although FEM has been used to simulate vessel deformation and generated circumference stress, only low amplitude ultrasonic pulses were applied [17, 19, 20] . In this study, intraluminal bubble dynamics induced by clinical LSW was simulated using FEM. Constraining effect on bubble dynamics, vessel wall deformation, and variations of both normal and shear stresses in the vessel wall were calculated. Table 3 . Effect of vessel diameter on the maximum bubble volume, shear stress, and normal stress applied to the 200 µm vessel wall surrounded by soft tissue with a viscosity of 0.96 Pa · s induced by LSW with a peak pressure of 40 MPa. Table 4 . Effect of soft tissue viscosity on the maximum bubble volume, shear stress, and normal stress applied to the 200 µm vessel wall induced by LSW with a peak pressure of 40 MPa. The effects of LSW peak pressure, vessel diameter, and tissue viscosity on bubble volume, shear stress, and normal stresses were studied. We found that at high LSW pressure the tem poral variation of generated shear stress has double peaks. One occurs at the maximum bubble expansion in the radial direction and is associated with the maximum vessel dilation, while the other occurs during bubble shrinkage and vessel wall invagination. The second shear stress peak is much larger than the first, and may be a critical factor in vessel rupture. The difference between these two peaks becomes significant with the decrease of vessel diameter and surrounding tissue viscosity. The stresses produced by SWLinduced cavitation are assumed to cause the rupture of small blood vessels that initiates extensive haemorrhage, cellular damage, and the inflammatory response, which eventually leads to fibrosis and loss of functional renal mass [12] . When either the pres sure amplitude of LSW increases, or the vessel size becomes smaller, the propensity for vessel rupture due to intraluminal bubble expansion will increase substantially. Using such a numerical model the propensity of vascular injury induced by various lithotripters at different operation settings could be evaluated, and strategies could then be developed to prevent or significantly restrain the mechanical events that initiate the vascular injury. The LSWinduced bubble collapse inside a vessel phantom was simulated using a highorder accurate, shock and inter facecapturing numerical scheme [26, 27] . Vessel invagination due to bubble compression and its subsequent distention, insti gated by the liquid jet, are considered the primary mech anisms of vessel damage. The propensity of vascular injury is highest when the constraining effect on the bubble is strongest, such as when the bubble is close to the vessel wall, with a short distance between the jet tip and the nearest vessel surface, and with low tissue viscosity. The liquid jet impacts the bubble and produces a strong waterhammer shockwave. Immediately afterwards, the maximum invagination of the proximal vessel wall (close to the bubble) is achieved, while the distal vessel wall (far from the bubble) begins to distend by the liquid jet. The continued distention of the distal vessel wall is characterized by a vortex ring in the bubble shape after jet penetration. These character istics are found similar to experimental observation of bubble collapse induced by high intensity focused ultrasound pulse [16] . However, a large bubble comparable to the vessel diam eter was used, and no initial bubble expansion was considered in this model. If these characteristics were combined with the bubble expansion in this study, the whole process of intralu minal bubble dynamics could be illustrated completely.
Due to the constraining effect, LSWinduced cavitation bubbles in vivo are much smaller than those in water (on the order of mm). The ESWLinduced vascular injury is vessel size dependent, with capillary and small veins (<400 µm) much more susceptible to it than large blood arteries (>800 µm) [28, 29] . The bubble collapse time of LSWinduced cavitation in vivo by Dornier HM3 lithotripter measured using passive cavitation detection (PCD) was found to decrease from in water (from 132.9 ± 19.6 µs at 16 kV to 271 ± 33.6 µs at 24 kV), to renal pelvis (99 ± 8 µs), and to the low pole (35 ± 3 µs) of the swine kidney, which was almost unchanged at the output voltage [30] . Vessel phantom study also confirmed this phenomenon [15] . The bubble collapse time (~25 µs) in small silicone tubing (200 µm < inner diameter < 300 µm) was almost independent of the lithotripter output voltage. However, the bubble lifetime simulated in this study was smaller than the measured results. This discrepancy may be due to the use of the material model to describe vessel dynamics. Viscoelastic tissue has the charac teristic of relaxation, and relaxation time is associated with the rate at which structures change their configurations. As a result, a vessel with a long relaxation time (i.e. on the order of ms) has a slow response to either bubble expansion or shrinkage, which may reduce the bubble size and lifetime. Properties of the surrounding medium (i.e. viscosity) have an influence on the bubble dynamics. The interaction of a laser induced bubble with an elastic flat boundary could result in bubble splitting and the formation of two highspeed liquid jets perpendicular to the boundary flowing in opposite directions [31] . Then, the boundary is ejected into the liquid due to the rebound of the deformed surface by bubble expansion, which will form another jet. In comparison, bubble behavior near the stiff boundary is mainly characterized by a liquid jet and bubble migration towards the boundary. The cavitation threshold increases with boundary stiffness. In our simulation, we found that highly viscous tissue may be able to significantly suppress vascular deformations induced by a collapsing bubble, and thus prevent injury, which is similar to conclusions from other studies [26, 27] . Human soft tissue progressively becomes more fragile with aging because of the loss of the orderly arrange ment of elastic fibers and an increase in collagenous material and ground substance. This may explain the high propensity of ESWLinduced renal injury for elderly patients.
According to simulation results, the power number for the maximum shear stress and peak pressure is 1.81. However, if only the first peak in the distribution of shear stress, which corresponds to the bubble expansion stage, is considered, the power number decreases to 0.6. Therefore, if such shear stress variation could be avoided, the propensity of SWLinduced vascular injury could be reduced tremendously. An easy solu tion is to use low peak pressure. Tubular and vascular injury and lesion size induced by shock waves are closely related to discharge energy [32] . The size of SWLinduced lesion in the six-eight week old pig after 2000 shocks to the lower pole calyx increased significantly with output voltage. Para aminohippurate extraction, a measure of tubular function, was not significantly affected at 12 kV, but transiently reduced at 18 kV, and also reduced with SWL at 24 kV. The peak pressure produced by the latest lithotripter model could be more than 100 MPa, which is much higher than the fracture thresholds for kidney calculi (2-10 MPa) [33] . Lowpressure lithotripters, such as the XXES lithotripter with a peak positive pressure of 10-25 MPa and a 6 dB beam width of 18 mm has already achieved promising clinical results [34] . A stonefree rate of 86% was found after a followup of three months in a total of 297 patients. The percentages of minor complications were 8% for colic, 38% for petechiae, 85% for haematuria, and 0% for perirenal haematoma, at an average peak pressure of 20.8 MPa. In a multiinstitutional study at Okayama University Hospital and its affiliated hospitals, 7 of 841 patients (0.83%) treated by two electrohydraulic lithotripters, Dornier HM3 and MPL 9000, had haematoma [35] . In an independent comparative study, XXES (17 MPa, 27 LSW min ) had a modest decline from baseline (about 20%) in both glomerular filtration rate and renal plasma flow. Two of 11 treated pigs had 0.1% functional renal volume of focal injury localized to the renal papillae [36] .
Another strategy for minimizing vascular injury is to reduce the intraluminal bubble expansion by modifying the profile, sequence, and spatial distribution of LSW, such as with in situ pulse superposition to the LSW tensile wave [37, 38] , inver sion of LSW using a pressure release reflector [39] [40] [41] , use of an acoustic diode to reduce the amplitude of the tensile wave [42] , and modifying the diffraction wave from the lithotripter aperture by an edge blocker and consequently decreasing its contribution to the LSW tensile wave at the focal region [43] . Since the maximum bubble size in a free field is proportional to bubble collapse time, the reduction of bubble cavitation was usually verified by PCD. The potential of vessel rupture could be evaluated using a vessel phantom or in animal experiments. However, the vessel rupture experiment is timeconsuming, and therefore design refinement takes a long time. The pres sure waveform, either measured by hydrophone or simulated numerically, could be input into the model established in this study to evaluate the characteristics of bubble dynamics, from which optimization is feasible and much faster.
Conclusions
Intraluminal bubble expansion induced by LSW and its interac tion with the vessel wall was simulated using the FEM approach. Rapid and large bubble expansion leads to significant dilation on the vessel wall, and subsequent propagation of vessel defor mation in the axial direction. In addition, much larger shear stress is applied to the vessel wall at bubble collapse, which is another mechanism of ESWLinduced vessel rupture and renal injury in clinical settings (i.e. the peak pres sure of 40 MPa). The decrease of vessel size and soft tissue viscosity would enhance vessel strain and, consequently, the generated shear stress and normal stresses. This numerical investigation would illustrate the mechanism of ESWLinduced tissue injury and may pro vide appropriate strategies for technical improvement.
